Introduction {#sec1}
============

Poly(methylmethacrylate) (PMMA)-based bone cements have been widely used in the current orthopaedic surgeries, including arthroplasty, treatments of femoral head osteonecrosis and spinal degenerative diseases. The fast polymerization and injectable capability of PMMA gives bone cement numerous advantages over preshaped implants, especially for the applications in the minimally invasive orthopaedic surgery (MIOS) such as percutaneous kyphoplasty (PKP) and vertebroplasty (PVP) [@bib1], [@bib2]. Nevertheless, the need for improving PMMA rises because a large number of clinical cases indicate the risks of excessive heat released from acrylic monomer polymerization [@bib3] and inadequate strength at the bone/cement interface, causing the instability of the interface or failure of the bone bonding to cement clump [@bib4], [@bib5], [@bib6], [@bib7]. The inadequate interface strength was attributed to the lacks of osseointegrative and biodegrading ability of PMMA [@bib8], [@bib9], [@bib10]. Modification of PMMA by incorporating bioactive or biodegradable additives has shown great potential to tackle these two problems simultaneously [@bib9], [@bib10], [@bib11], [@bib12], [@bib13].

In addition, on the one hand, angiogenic capabilities become highly desirable for next-generation bone cement. Angiogenesis is critical for bone growth and regeneration, especially for diseases such as osteonecrosis. It is important for bone regeneration to build up a functional vascular network within the defect site, which can provide sufficient oxygen and nutrients to facilitate growth, differentiation and tissue functionality [@bib14]. Also, the vascular invasion could reduce the risk of osteonecrosis around the bone substitutes. Angiogenic induction by bone cements itself is therefore a simple and efficacious strategy for bone regeneration and osteonecrosis prevention, which are important for enhancing strength at the bone/PMMA interface. On the other hand, bone cement--related infection has become a significant concern because of the increasing infection rate and the catastrophic consequences of infection [@bib15], [@bib16], [@bib17]. The treatment for bone cement--related infection is however formidable, and the current resort of using antibiotics has created more hassles such as drug-resistance problems. Therefore, antiinfective bone cement without using antibiotics is highly desirable for orthopaedic surgery.

In this regard, the osseointegrative, angiogenic and anti-infective properties, as well as low heat release from polymerization, is desirable for bone cement, and relevant modifications of PMMA along this line become mainstream research directions in this area. Here, a strategy of designing surface-degradable bone cements (SdBCs) is reported, and the biodegradable Mg was selected as the degrading component of SdBC, which reveals translational potential to meet the needs of osseointegration, angiogenesis, and anti-infection at the same time. Bioactivity and biological properties of metallic Mg have recently been uncovered, and Mg alloys are designed as biodegradable materials primarily for orthopaedic applications [@bib18], [@bib19], [@bib20], [@bib21]. This is largely due to elemental Mg being essential for bone development and metabolism and angiogenesis, which has also been reported in metallic Mg and its alloys [@bib22], [@bib23], [@bib24], [@bib25], [@bib26]. Degradation of Mg and its alloys has also been reported to result in antibacterial effect due to the release of hydroxyl radicals and Mg^2+^ ions [@bib27], [@bib28], [@bib29]. In addition, Mg and its alloy have tunable degradation rates *in vivo* [@bib20], [@bib26]. Recent clinical studies have revealed the great translational potential of Mg alloys [@bib30], [@bib31]. Thus, the present proof-of-concept study uses the aforementioned unique properties of Mg particles to modify clinically used PMMA bone cement, aiming at maintaining the feasibility of PMMA for MIOSs but simultaneously enhancing the bone/implant integration, angiogenesis and anti-infection performances of PMMA.

Materials and methods {#sec2}
=====================

Preparation of SdBC {#sec2.1}
-------------------

OSTEOPAL V (Heraeus, Germany) PMMA bone cement and the commercially pure Mg particles (TangShan WeiHao Magnesium Powder Co., Ltd., Tangshan, China) with diameter of 100--150 μm were adopted for the preparation of SdBCs. In detail, 0.1, 0.2, 0.4 or 0.8 g of Mg particles were mixed with 2.6 g PMMA powder. Then, 1 mL of methylmethacrylate (MMA) monomer was added in the mixed powder to form the SdBCs. The SdBCs were subsequently designated as 0.1-Mg, 0.2-Mg, 0.4-Mg and 0.8-Mg, the weight percentage of Mg particles being 2.7%, 5.3%, 10.2% and 18.4%, respectively. The PMMA was designated as 0-Mg for uniformity. Before the sample preparation, the Mg particles and OSTEOPAL V bone cement were kept at 23 ± 1°C for 2 h. The distributions of C, O, Mg and Zr elements in the cements were characterized by scanning electron microscopy (SEM, JSM-7100F, JEOL Ltd., Japan) and energy-dispersive spectrometry (OCTANE PRO, AMETEK Inc., USA).

*In vitro* degradation test {#sec2.2}
---------------------------

Cement cylinders with a diameter of 6 mm and height of 12 mm were immersed in Tris (tris(hydroxymethyl)aminomethane) buffer solution (pH = 7.4) with the immersion ratio of 1.25 cm^2^/mL at 37 °C for up to 60 days. The solution was replaced every 2 days. The weight change \[(final weigh − original weight)/original weight × 100%\] of the samples and pH of solution were monitored. The inner microstructure and compressive properties of the bone cements before and after immersion were observed by SEM (Quanta 250, Thermo Fisher Scientific Inc., USA) and compressive tests on a mechanical tester (HY10000; Shanghai HengYi Precision Instrument Co., Ltd., Shanghai, China) at 20 mm/min, respectively. Before inner microstructure characterization, the samples were successively polished up to 2000 grit finish and then cleaned. The surface morphology of SdBCs after immersion was also characterized by SEM. The hydrophilicity of the cement was evaluated using a water contact angle metre (DSA 25S; Zeiss, Germany).

Characterization of handling properties {#sec2.3}
---------------------------------------

The maximum temperature during polymerization, doughing time and setting time of the cement was tested in reference to ISO5833: 2002 standard. The doughing time was indicated by failure of the material to stick to the surface of a surgically gloved probing finger. For maximum-temperature measurements, the cement pastes were mixed and cast in a cylindrical mold. The change in temperature during the setting reaction was measured under ambient conditions at 23 °C. The setting time was calculated according to the following formula: Setting time = (T~amb~ + T~max~)/2, where T~amb~ is the ambient temperature and T~max~ is the maximum temperature.

Injectability was defined as the weight percentage of cement capable of getting injected out of the syringe at the doughing time with a constant loading at 50 N. For direct comparison, the injectability of SdBC was normalized by PMMA.

Cytocompatibility test {#sec2.4}
----------------------

MC3T3-E1 osteoblasts from the Type Culture Collection of Chinese Academy of Sciences (TCC, CAS, Shanghai, China) were selected for the cytocompatibility tests. α-Minimum essential medium (HyClone Laboratories Inc., USA) with 10 vol % foetal bovine serum (HyClone) and 1 vol % penicillin--streptomycin solution were used as the cell culture medium. All the cells were cultured in a humidified atmosphere of 5% CO~2~ at 37 °C.

### Cytocompatibility tests on material extracts {#sec2.4.1}

The samples (with same dimensions) were immersed in 75% ethanol for 30 min for sterilization and then rinsed by phosphate buffer saline (PBS) 3 times to remove the ethanol. After that, the samples were immersed in the cell culture media at an extraction ratio of 1.25 cm^2^/mL at 37 °C for 1 day. The supernatant was withdrawn and filtrated through 0.22-μm membrane filter (Millex-GP; Millipore) for cell tests. The cell culture media incubating at 37 °C for 1 day was set as the control group.

Cells were cultured in material extracts at seeding density of 5000 cells/cm^2^ for 1 and 3 days. Then, the cells were stained with LIVE/DEAD assay staining solution (Invitrogen™, Thermo Fisher Scientific Inc., USA) according to the manufacturer\'s instructions and then observed under a fluorescent microscope (EVOS, Thermo Fisher Scientific Inc., USA).

For cell counting kit-8 (CCK-8) assay, cells were cultured in 96-well plates in the presence of extracts for 1 and 3 days at a seeding density of 5000 cells/well. After prescribed times, the well was rinsed by 200 μL of PBS 2 times after removing the cell culture medium. Ten microlitres of CCK-8 ([Dojindo Molecular Technologies, Inc](https://www.baidu.com/link?url=GyMN-tV5Icnh4n9-snrWv9lOefGAc5wqZrWVcuGADxC-3s2dCV-6FxWBJDrYSsUf&wd=&eqid=c8de24210018726900000005577c71ea){#intref0010}) mixed in 100 μL of PBS was then added to each well and incubated at 37 °C for 2 h. Then, the solution was transferred out to a new 96-well plate for optical density (O.D.) measurements on a microplate reader (Power Wave X, BioTek Instruments, Inc., USA) at 450 nm. Cell viability = O.D.~Extract~/O.D.~Media~ × 100%.

The pH value and Mg^2+^ concentration of extracts before and after 1 and 3 days of cell culture were measured using a pH metre and atomic absorption spectrometer (AA800, [Perkin Elmer](https://www.baidu.com/link?url=kY9RPvxBeH9BL4aoNaopzphyvHo0bHZ4r6X81UCWX9MnyP3PutlXR6RvmMrV7OhB&wd=&eqid=86d608e60021656800000005577c7566){#intref0015}), respectively.

### Cell adhesion test {#sec2.4.2}

Before experiments, the samples (with same dimensions) were polished, cleaned and sterilized as described in section [Cytocompatibility tests on material extracts](#sec2.4.1){ref-type="sec"}. Then, the osteoblasts were cultured on these samples for 1 and 3 days at a seeding density of 5000 cells/cm^2^. After that, the samples were gently rinsed with PBS and then fixed with 2.5% glutaraldehyde for 4 h. Then, the samples were dehydrated with a series of ethanol solutions and finally dried using the critical point drying equipment (CPD300; Leica Instrument Co., Ltd., Germany) for SEM observation. The pH values of cell culture media after direct-contact cell culture for 1 and 3 days were measured.

Endothelial tube formation assay {#sec2.5}
--------------------------------

Human umbilical vein endothelial cells (HUVECs) from the TCC, CAS were used for the tube formation test. Dulbecco\'s Modified Eagle Medium (DMEM, HyClone)-based culture media was used. Five hundred microlitres of Matrigel (Corning Co., Ltd., USA) was coated on each well of a 24-well plate. Then, the HUVECs were cultured on the Matrigel in the presence of various extracts at a seeding density of 5000 cells/cm^2^. The extracts were prepared using the DMEM-based cell culture media as described in section [Cytocompatibility tests on material extracts](#sec2.4.1){ref-type="sec"}. After 18 h, the tube formation was observed with an inverted phase contrast microscope (Axiocam 503; Carl Zeiss Co., Ltd., Germany). The images were analyzed using ImageJ (National Institutes of Health, USA) with the Angiogenesis Analyzer plugin to quantify the number of nodes, tubes and total length of network, per square millimetre.

Bacteria adhesion test {#sec2.6}
----------------------

*Staphylococcus aureus* (*S. aureus* ATCC 25923) and *Escherichia coli* (*E. coli* ATCC 25922) were adopted in the test. The bacterial cells were propagated on an agar plate for 18--24 h at 37 °C to create colony-forming units (CFUs). One CFU from the plate was inoculated in Luria broth (LB) media to prepare bacterial suspensions, which were cultured in a shaking incubator at 190 rpm and 37 °C for 16--18 h, and then diluted with LB media for O.D. measurement at a wavelength of 670 nm to identify bacteria density in reference to the standard curve. Finally, the bacterial suspension was diluted with LB media to be 2.38 × 10^6^ CFU/mL.

Samples (with same dimensions) were sterilized as descried in section [Cytocompatibility tests on material extracts](#sec2.4.1){ref-type="sec"}. Then, 1 mL of diluted bacterial suspension was added to the samples in the 24-well plate and incubated at 37 °C and 5% CO~2~. After 24 h, the samples were fixed and dehydrated as described in section [Cell adhesion test](#sec2.4.2){ref-type="sec"} for SEM characterization. Four parallel samples were observed for each kind of bacteria.

*In vivo* study {#sec2.7}
---------------

The animal test plan and institutional ethical use protocols were approved by the ethics committee of the institutes the authors of the study are affiliated to. Six male Sprague--Dawley rats (weight, 400 ± 20 g) were used. All surgeries were performed under standard anaesthesia and disinfection procedures. Transcortical holes with a diameter of 2 mm were drilled at the same position of all femoral diaphysis under irrigation with saline after skin incision (1--2 cm long). 0-Mg and 0.2-Mg sample cylinders with a diameter of 1.9 mm and height of 8 mm were inserted into the holes of left and right femur, respectively. Finally, the incision was closed and animals were housed individually with normal access to food and water.

The rats were sacrificed at 2 months, and the retrieved tissue samples with implants were scanned using a micro--computed tomography (CT) scanner (Skyscan 1176; Bruker microCT) at an isometric resolution of 17 μm. The results were analyzed using the built-in analysis software. Owing to the similar contrast between bone and implant, the new bone formation was evaluated qualitatively through morphological analysis on three-dimensional (3D) reconstruction images.

Immediately after micro-CT analysis, half of specimens in each group were fixed in 4% paraformaldehyde for 2 days and then dehydrated and embedded in epoxy resin for SEM observation. The other half specimens were mounted on a test fixture for the push-out test at a displacement rate of 0.5 mm/min at a moist condition. The femur specimens after the push-out test were fixed in 4% paraformaldehyde for 2 days and then decalcified in ethylenediaminetetraacetic acid solution for histological analysis. Tissue sections (6-μm thick) were stained, respectively, by haematoxylin--eosin (H&E) and Masson trichrome staining method for transmitted light microscopy (AxioCam HRc; Zeiss) observation.

Statistical analysis {#sec2.8}
--------------------

These measurements were run in at least three duplicates, and results were reported as the mean ± standard deviation calculated from repeated measurements. Statistical analysis of the cell proliferation results and endothelial tube formation results was conducted by one-way analysis of variance. All the pair-wise comparisons were performed by the *post hoc* test of Turkey. The two-tailed two-sample *t* test was used for the statistical analysis of push-out test results. When a p value was less than 0.05, significant differences were determined.

Results {#sec3}
=======

Surface degradation behaviour of SdBCs {#sec3.1}
--------------------------------------

Addition of Mg particles did not affect the monomer polymerization of acrylic cement. After the cement was completely set, Mg particles appeared to evenly distribute in the PMMA matrix according to the SEM ([Fig. 1](#fig1){ref-type="fig"}A) and element distribution observation ([Fig.S1](#appsec1){ref-type="sec"}), leading to homogeneous mechanical, degradation and biological properties of SdBCs. After immersion for 60 d, the interior of the SdBCs kept intact ([Fig. 1](#fig1){ref-type="fig"}A) because of no contacting with fluids, indicating that the Mg particles embedded inside the PMMA matrix would be a permanent second phase of the composite cement as expected, which is beneficial for preserving mechanical strength and tissue compatibility of the cement in the long-term implantation. In contrast, a great number of voids and pores were formed on the surface ([Fig. 1](#fig1){ref-type="fig"}B), of which the number increased with the increase of Mg content, confirming the surface-degradable property of the SdBCs. More importantly, the uniform distribution of Mg particles caused even surface degradation, indicating that the void size and density on the bone cement surface could be precisely controlled.Figure 1Surface degradation behavior of SdBCs. (A) SEM images of SdBCs before and after immersion in Tris solution for 60 d. The small white dots in the images are zirconium particles in the OSTEOPAL V bone cement as X-ray opaque agents. Scale bar, 1 mm. (B) Surface morphologies of SdBCs after immersion. Scale bar, 1 mm. (C) Percentage of weight change of SdBCs and (D) pH values of the immersion solution during immersion test. (E) Compressive strength and (F) compressive modulus of PMMA bone cement and SdBCs before and after immersion.PMMA = poly(methylmethacrylate); SdBCs = surface-degradable bone cements; SEM = scanning electron microscopy.Figure 1

The surface degradation behaviour of SdBC was quantitatively confirmed by the weight loss of the samples ([Fig. 1](#fig1){ref-type="fig"}C). The percentage of weight loss was 0.3%, 2.3%, 2.6% and 5.7% for 0.1-Mg, 0.2-Mg, 0.4-Mg and 0.8-Mg, respectively, and all are much lower than the original weight percentage of Mg in each SdBC, indicating that only the Mg particles on the cement surface degraded. In addition, degradation of SdBCs slowed down gradually, probably because of the gradual loss of Mg on the cement surface and the protection formed by its degradation products [@bib32], [@bib33]. The surface degradation behaviour of SdBCs also affected the chemical microenvironment adjacent to the cement. As a result of Mg degradation, the alkalinity was significantly altered as elevated pH values was observed in the immersion fluid with SdBCs and correlated to the Mg content released ([Fig. 1](#fig1){ref-type="fig"}D).

Surface degradation of SdBCs however did not cause dramatic decrease in the compressive strength of cements ([Fig. 1](#fig1){ref-type="fig"}E). The decrease in the compressive strengths of SdBCs with the increasing initial content of Mg was probably due to the increased void density and the weakened Mg particle/PMMA interface strength [@bib34]. The conservation of compressive strength during degradation is very important for load-bearing applications in orthopaedics and is a main advantage of the surface-degradable implant compared with the completely degradable cements such as calcium sulfates.

The greater compressive moduli of 0.1-Mg and 0.2-Mg compared to those of PMMA bone cement ([Fig. 1](#fig1){ref-type="fig"}F) should be attributed to the much higher modulus (∼45 GPa) of metallic Mg than that of PMMA, agreeing with previous studies [@bib35], [@bib36], while the lower compressive moduli of 0.4-Mg and 0.8-Mg compared to those of PMMA is probably due to the high density of voids in these SdBCs. The surface degradation of SdBCs decreased their compressive moduli and not compressive strength ([Fig. 1](#fig1){ref-type="fig"}F), which is beneficial for alleviating stress-shielding effect [@bib37] or the secondary vertebra fracture when used for PKP [@bib38].

Handling properties and hydrophilicity of SdBCs {#sec3.2}
-----------------------------------------------

The handling properties of the bone cement are crucial for minimally invasive surgical operation and the efficacy of PKP or percutaneous vertebroplasty (PVP). The doughing time and setting time of SdBCs were both lower than those of PMMA. When increasing the content of Mg, the doughing times of SdBCs decreased while the setting time first increased and then decreased ([Fig. 2](#fig2){ref-type="fig"}A). The injectability of SdBCs ([Fig. 2](#fig2){ref-type="fig"}B) increased first but then decreased when Mg content increased, and 0.4-Mg had the highest injectability, which should be attributed to the competing between rheological property of slurry and MMA polymerization reaction after Mg addition. The maximum temperature during the monomer polymerization of all the SdBCs ([Fig. 2](#fig2){ref-type="fig"}C) was lower than that of PMMA and decreased gradually when increasing the Mg content in different cements, which should be due to the decreased MMA fraction and enhanced thermal conductivity when increasing the content of Mg particles.Figure 2Handling properties and surface wettability of SdBCs. (A) Initial and final setting time and (B) injection ratio of PMMA and SdBCs. (C) Maximum temperature during polymerization of PMMA and SdBCs. (D) Water contact angle on PMMA and SdBCs.PMMA = poly(methylmethacrylate); SdBCs = surface-degradable bone cements.Figure 2

The hydrophilicity of bone cements is important for protein adsorption and bone tissue response *in vivo* [@bib39], [@bib40], and higher surface hydrophilicity of bone cement is reportedly beneficial for tissue growth and bacteria inhibition [@bib41]. Water contact angles on SdBCs were smaller than those on the PMMA ([Fig. 2](#fig2){ref-type="fig"}D), indicating higher surface hydrophilicity of SdBCs.

Cytocompatibility of SdBCs {#sec3.3}
--------------------------

As shown by the results of LIVE/DEAD assay after 1 d ([Fig. 3](#fig3){ref-type="fig"}A), osteoblasts in the extracts of PMMA, 0.1-Mg and 0.2-Mg grew better than those in the extracts of 0.4-Mg and 0.8-Mg. Nevertheless, osteoblasts in all the extracts exhibited obvious proliferation after 3 d, and few dead cells were observed. This proliferation result was confirmed by CCK-8 assay ([Fig. 3](#fig3){ref-type="fig"}B), which shows that the osteoblast proliferation at 1 d followed the trend 0.1-Mg \> PMMA\>0.2-Mg\>0.4-Mg\>0.8-Mg, while cells in all SdBC extracts proliferated better than those in PMMA extract and regular cell culture media after 3 d.Figure 3Cell viability in various material extracts. (A) Fluorescence micrographs of LIVE/DEAD--stained osteoblasts after cultured in different extracts for 1 and 3 d. The red arrows indicate dead cells. (B) Cell viabilities of different groups at 1 and 3 d. (C) pH value and (D) Mg^2+^ concentration of extracts before and after cell culture for 1 and 3 d.Figure 3

Owing to surface degradation, the pH value and Mg^2+^ concentration of SdBC extracts significantly increased with the increase in Mg content of SdBCs ([Fig. 3](#fig3){ref-type="fig"}C and D). When used for cell culture, the pH values of all extracts decreased and the difference among the groups narrowed after 1 or 3 d. However, the Mg^2+^ concentration of each extract remained almost unchanged after cell culture. These results indicate that the decrease of cell viability from 0.1-Mg to 0.8-Mg at 1 d should be due to the acute toxic effects of high pH value rather than the high Mg^2+^ concentration of the extracts. In addition, the good cell viability of 0.4-Mg and 0.8-Mg groups at 3 d should be attributed to both the properly high Mg^2+^ concentration [@bib42], [@bib43] and the decrease of pH (to a proper value that supports osteoblast proliferation [@bib44]) of extracts in these groups.

The decreased cell viability with increasing Mg content at 1 d is probably due to the acute toxic effects of high pH values of the extracts, while the later increased cell proliferation at 3 d could be attributed to the gradually increased Mg^2+^ concentration and reduced pH value of the extracts.

SEM observation clearly showed that all osteoblasts on SdBCs exhibited better adhesion and spreading than the cells on PMMA at 1 d ([Fig. 4](#fig4){ref-type="fig"}A), which is consistent with the results reported in the previous work of poly(lactic-co-glycolic)/Mg alloy composite [@bib45]. The worse adhesion and less spreading of osteoblasts on 0.4-Mg and 0.8-Mg compared to those on 0.1-Mg or 0.2-Mg are probably the adverse results of increased surface degradation of the cements. After culturing for 3 d, osteoblasts on all the samples showed better spreading than that after 1 d and the cell spreading on 0.1-Mg, 0.2-Mg and 0.4-Mg was similar and better than that on PMMA or 0.8-Mg. The pH increase of cell culture media during cell growth on samples ([Fig. 4](#fig4){ref-type="fig"}B) is milder than that without cell ([Fig. 3](#fig3){ref-type="fig"}C). Also, cells grew well on the Mg particles ([Fig. 4](#fig4){ref-type="fig"}C), demonstrating the high compatibility of degradable Mg particles.Figure 4Cell spreading and viability on various samples. (A) Morphology of osteoblasts on the pristine PMMA bone cement and different SdBCs at 1 and 3 d. (B) pH of cell culture media after culturing for 1 and 3 d. (C) Morphology of osteoblasts on and around Mg particles in SdBCs at 1 d.PMMA = poly(methylmethacrylate); SdBCs = surface-degradable bone cements.Figure 4

*In vitro* angiogenic effect of SdBCs {#sec3.4}
-------------------------------------

*In vitro* angiogenesis test ([Fig. 5](#fig5){ref-type="fig"}) revealed that more nodes, tubes and networks were formed by HUVECs in 0.1-Mg and 0.2-Mg groups than by other Mg-containing samples. The 0.2-Mg group also exhibited better HUVEC network formation than 0-Mg and DMEM groups. The results indicate that the formation of HUVEC tubes was accelerated in the presence of proper concentration of Mg^2+^ and/or OH^−^ released from SdBCs.Figure 5*In vitro* angiogenesis of HUVECs cultured on the Matrigel basement membrane matrix in the presence of different extracts at 18 h. (A) Typical images in different groups. (B) The number of tubes, (C) number of nodes and (D) total length of network, per square millimetre.HUVECs = human umbilical vein endothelial cells.Figure 5

Bacterial inhibitory effect of SdBCs {#sec3.5}
------------------------------------

Surface degradation of SdBCs also resulted in the inhibitory effect of cements against *S. aureus* and *E. coli*. [Fig. 6](#fig6){ref-type="fig"} shows that the density of *S. aureus* attached on SdBCs was significantly lowered than that on PMMA, and in fact, there were almost no bacterial aggregates on the SdBCs. The bacterial inhibitory effect of SdBCs against *S. aureus* was enhanced with the increasing Mg content in the cement, while interestingly, the inhibitory effect against *E. coli* was not significant and only 0.8-Mg showed obviously higher bacterial reduction than PMMA. The bacterial inhibitory effect of SdBCs should be due to the release of hydroxyl radicals and Mg^2+^ ions [@bib27], [@bib28], [@bib29].Figure 6*S. aureus* and *E. coli* adhesion on various samples at 24 h observed by SEM.SEM = scanning electron microscopy.Figure 6

*In vivo* formation of bone/implant interface {#sec3.6}
---------------------------------------------

The push-out test on the femurs after cement implantation for 2 m revealed that 0.2-Mg cement had significantly higher bone/implant interface strength than PMMA group ([Fig. 7](#fig7){ref-type="fig"}A), indicating more robust osseointegration *in vivo* between the surface-degraded 0.2-Mg cement and bone. More direct evidence by micro-CT indeed demonstrated considerably more trabecular bone formed around 0.2-Mg implant than that around PMMA in the bone marrow cavity ([Fig. 7](#fig7){ref-type="fig"}B), confirming the results of the push-out tests which implies higher osteogenic potential of 0.2-Mg cement than that of PMMA. More detailed inspection ([Fig. 7](#fig7){ref-type="fig"}C) showed the surface of PMMA remained smooth and intact after 2-m implantation, while a number of voids and pores formed on the surface of 0.2-Mg as a result of Mg degradation, which is also consistent with aforementioned surface degradation behaviour observed *in vitro*. Further examination of the bone/implant interface by backscattered electron microscopy ([Fig. 7](#fig7){ref-type="fig"}D) shows smooth interface between bone and PMMA but zigzag interface between bone and 0.2-Mg cement. The observed zigzag pattern confirms the degradation of Mg particles on the surface of SdBC and subsequent bone ingrowth into the voids formed. Moreover, an interfacial layer was observed between the PMMA and cortical bone and it had similar image contrast to that of PMMA. H&E staining and Masson trichrome staining results ([Fig. 7](#fig7){ref-type="fig"}E) indicate this interfacial layer was a fibrous capsule that formed by connective tissue between the PMMA and ossification layer, agreeing with the results reported by others [@bib13]. On contrary, direct bony contact was established between 0.2-Mg implant and bone, supported by the SEM and H&E and Masson trichrome staining results that a new compact bony layer was formed at the bone/implant interface.Figure 7*In vivo* bone response evaluations. (A)Maximum force obtained from biomechanical push-out test. The inset shows setup for push-out test. \*, p \< 0.05. (B) 3D micro-CT images of the femur around implant obtained from the longitudinal viewpoint at 2 m of implantation. (C) Surface morphology of samples and (D) bone/implant interface morphology at 2 m of implantation, observed by SEM. (E) H&E-stained and Masson trichrome--stained slices of periimplant bone tissue at 2 m. NB = new bone. "0-Mg" and "0.2-Mg" indicate the initial implant site. Arrows point the fibrous capsule.CT = computed tomography; H&E = haematoxylin--eosin; SEM = scanning electron microscopy.Figure 7

Discussion {#sec4}
==========

Previously, Mg particles or fibres have been added to biodegradable [@bib34], [@bib36], [@bib45], [@bib46] or nondegradable and noninjectable [@bib47] polymers for orthopaedic applications to enhance bioactivity. While in the present study, we proposed a surface-degradable and injectable bone cement, SdBC, through coupling biodegradable Mg particles with nondegradable and injectable acrylic bone cement. SdBC owns several advantages compared with the totally degradable or noninjectable bone cements and is suitable for various orthopaedic surgeries, especially minimally invasive ones.

Unlike the totally degradable cements, surface-degradable characteristic of SdBCs benefits the maintenance of excellent mechanical strength ([Fig. 2](#fig2){ref-type="fig"}D) *in vivo*, which is critical for load-bearing applications. The compressive modulus of SdBCs could decrease by about 20% after degradation ([Fig. 1](#fig1){ref-type="fig"}F), which could alleviate stress-shielding effects [@bib37] of stiff PMMA or the secondary vertebra fracture usually caused by acrylic cements in PKP [@bib38].

Degradation of Mg particles at the surface of SdBCs releases hydroxyl, Mg^2+^ and H~2~ gas and alters the surface morphology and chemical composition of SdBCs. These factors will synergistically affect the biological response to the cement, and this mechanism is lacking in the nondegradable cements. First, osteoblasts adhered and spread better on the 0.1-Mg and 0.2-Mg samples than on the PMMA ([Fig. 3](#fig3){ref-type="fig"}A), which should be attributed to the proper Mg^2+^ concentration around these SdBCs and the CaP and MgP deposition on the SdBC surface, both facilitating osteoblast growth [@bib48]. Osteoblasts appeared to be more sensitive to hydroxyl ions rather than Mg^2+^ ions release from SdBCs ([Fig. 4](#fig4){ref-type="fig"}), which has been reported before [@bib49], [@bib50]. Meanwhile, the released hydroxyl could be neutralized dynamically during osteoblast growth directly on SdBCs. It could be expected that after *in vivo* implantation, the hydroxyl released from Mg would be neutralized simultaneously by tissue metabolism and circulation of body fluids as seen *in vitro* ([Fig. 3](#fig3){ref-type="fig"}B). Second, 0.2-Mg showed enhanced angiogenic and osteogenic capacities, which are lacking in PMMA and are probably the result of Mg^2+^ release at proper concentration [@bib25]. Third, the inhibitory effect of the SdBCs against *S. aureus* and *E. coli* was much better than that of PMMA, which could prevent the implant-related infection [@bib51]. However, the bacterial inhibitory effect is not as significant as that of bulk Mg implant [@bib27], [@bib28], [@bib29], which should be owed to the inadequate ion release from SdBCs. This study also reveals that increasing the Mg content of SdBCs was beneficial for antibacterial capability but could deteriorate other properties of SdBC. Preparing SdBCs using strongly antibacterial Mg alloy [@bib52], [@bib53], [@bib54] particles is a promising way to further enhance their antibacterial properties. Fourth, surface degradation strategy leads to voids and pores that formed on the surface of SdBCs after degradation ([Fig. 2](#fig2){ref-type="fig"}B) for subsequent tissue ingrowth, forming a bone/implant physical interlocking eventually. The high interface strength is important for long-term stability of the bone/implant interface. The bone/cement interface strength of 0.2-Mg SdBC measured by push-out force was significantly higher than that of PMMA, suggesting a strong physical interlocking mechanism between bone and SdBC, as well as enhanced bone formation and osseointegration. The bone/cement interface strength could increase with prolonging of implantation time according to previous works [@bib55], [@bib56].

The SdBCs maintained the injectable characteristic of PMMA bone cement for MIOSs. The relatively short doughing time of SdBCs enables surgeons to start injection procedure sooner. Also, sufficient working time (indicated by the setting time) is essential for appropriate handling and deployment of cements, and typically, the surgeon needs 6--8 min to mix and inject the cement in PVP [@bib57]. SdBCs had acceptable setting times for minimally invasive surgery, and typical setting time was between 6.6 and 7.4 min. In addition, the injectability of 0.1-Mg, 0.2-Mg and 0.4-Mg would meet the requirement for clinical use and the improvement of injectability by adding 5.4 wt% to 10.3 wt% of Mg particles, agreeing with previous studies [@bib12], [@bib58]. The reduction of potentially harmful high temperature during PMMA polymerization by adding Mg particles is another important advantage of SdBCs [@bib3].

Although the present study exhibits many advantages of SdBC, it should be optimized to meet the clinical requirements of MIOS, including the handling, materials and biological properties, especially the angiogenic and antibacterial capabilities. The Mg particle concentration greatly influences the handling and material properties of SdBC, and another factor could be the size of Mg particles. Optimal biological properties of SdBCs could be realized by adding proper content of Mg with proper composition. Especially, Mg alloys with elements that reportedly have osteogenic, angiogenic and antibacterial properties [@bib41], [@bib52], [@bib53], [@bib54] should be adopted. Degradation rate [@bib20] and size of Mg particles should be optimized to promote bone ingrowth on SdBCs [@bib59]. Future directions should be focused on the optimization of the composite bone cements by adjusting the content, size and composition of Mg particles. Long-term *in vivo* study was also necessary to evaluate the long-term bone/implant interface, local bone response and systematic biosafety.

Conclusions {#sec5}
===========

The present study demonstrated a novel and effective strategy of developing surface-degradable PMMA/Mg bone cements that possess environmentally responsive surface, leading to a porous surface for bone ingrowth while preserving the high compressive strength of acrylic cement. The surface-degradation induced by Mg particles creates a proper ionic vicinity around the bone cement, which promotes osteoblasts activity and tube formation of HUVECs and inhibits bacterial adhesion on the cement surface. SdBC also maintains the similar handling and setting properties as the clinically used acrylic cements. *In vivo* evaluation suggested that the interfical strength at the bone/SdBC interface was significantly higher than that at the bone/PMMA interface because of enhanced bone ingrowth and subsequent osseointegration. This work validates a new concept of designing bioactive bone/implant interface with desirable properties. This surface degradation strategy assisted by Mg particles therefore has great potential to revolutionize the currently used acrylic cements for greatly improving the efficacy and outcomes of minimally invasive surgeries.
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